Abstract-A 100-channel fully implantable wireless broadband neural recording system was developed. It features 100 parallel broadband (0.1 Hz-7.8 kHz) neural recording channels, a medical grade 200 mAh Li-ion battery recharged inductively at 150 kHz, and data telemetry using 3.2 GHz to 3.8 GHz FSK modulated wireless link for 48 Mbps Manchester encoded data. All active electronics are hermetically sealed in a titanium enclosure with a sapphire window for electromagnetic transparency. A custom, highdensity configuration of 100 individual hermetic feedthrough pins enable connection to an intracortical neural recording microelectrode array. A 100 MHz bandwidth custom receiver was built to remotely receive the FSK signal and achieved dBm sensitivity with BER at 48 Mbps data rate. ESD testing on all the electronic inputs and outputs has proven that the implantable device satisfies the HBM Class-1B ESD Standard. In addition, the evaluation of the worst-case charge density delivered to the tissue from each I/O pin verifies the patient safety of the device in the event of failure. Finally, the functionality and reliability of the complete device has been tested on-bench and further validated chronically in ongoing freely moving swine and monkey animal trials for more than one year to date.
as epileptic seizures [1] [2] [3] [4] [5] [6] . This is creating a demand for low-power body-implanted electronic microsystems that can simultaneously record neurophysiological signals from large numbers of single neurons across a wide range of spatial and temporal scales. Most current recording systems require a wired percutaneous connection between the electrodes and external recording units. However, percutaneous connections severely restrict the subject's mobility, present a direct route from the skin to the brain for infection, and cause potential contamination of the signals due to external noise/interference. Hence, creating a wireless system that eliminates the need for percutaneous connections offers great advantages. Such a chronic wireless system, especially if implanted within the body, must fulfill multiple stringent requirements for advancing neuroscience, neural prosthesis, and other needs of neurologically impaired subjects. Challenges include optimal ultralow-power circuit design, tight system integration, safe and highly reliable device packaging, compatibility with surgical implantation procedures, and other factors which all require close collaboration between neuroengineers, neuroscientists, and clinical neurologists and neurosurgeons.
Over the past decades, many systems have been developed up to various levels for the application of recording neural activities in awake animals [7] [8] [9] [10] [11] [12] [13] [14] [15] [16] [17] [18] [19] [20] [21] [22] . Nurmikko et al. [7] , Patterson et al. [8] , and Aceros et al. [9] from Brown University have developed miniaturized 16-ch and 32-ch broadband fully implantable neural recording devices with soft encapsulation for long term chronic behavioral neuroscience research on rodents, swine, and non-human primates. These systems use a 13.56 MHz inductive link for power transmission and an 850 nm infrared (IR) laser for data transmission. Miranda et al. [10] presented the HermesD system that can record and wirelessly transmit 32 channels of broadband neural data through a 3.7-4.1 GHz RF link using FSK modulation. The device was packaged in a 38 mm 38 mm 51 mm aluminum enclosure for head-mounted use. It consumed 142 mW from a 3.6 V/1200 mAh Li-SOCl battery. Most recently, Gao et al. [11] from the same group presented the HermesE system. This system was still a head-mounted device offering simultaneous access to 96 channels of broadband neural data. It consists of an amplifier/ADC ASIC, a low voltage FPGA, and a low power ultra-wideband transmitter and was estimated to consume mW of power. Rouse et al. [12] , [14] , developed a bi-directional brain-machine interface for motor prosthesis and neurological disease state monitoring and detection. This device features four channels of electrocortigram/local field potential amplification and spectral analysis, a three-axis accelerometer, algorithm processing, event-based data logging, and wireless telemetry for data uploads and algorithm/configuration updates. This device consumed only 10 W/ch and was packaged in a hermetically sealed titanium enclosure for chronically implanted use. The device was validated in a non-human primate model for brain control of a computer cursor. Harrison et al. [13] reported a system-on-chip (SoC) 100-channel wireless recording system that provides 100 threshold-based spike detecting data and a single channel broadband neural data. The system was wirelessly powered over a 2.765 MHz inductive link and transmitted data through a 902 MHz to 928 MHz FSK transmitter. The system has been validated in vivo in the motor cortex of a cat. Rizk et al. [15] , [16] presented a 96-channel fully implantable neural data acquisition system. Their system consumed 2 W and used continuous inductive coupling for powering. The system has been tested both eternally in rodent model and implanted in a sheep model for 3 hours. Yin et al. [17] demonstrated a head-mounted 32-ch neural recording device for rodent models. The device was battery powered and consumes 5.6 mW and broadcasted the pulse-width-modulated neural data through an 898 MHz to 926 MHz FSK wireless link. Greenwald et al. [18] reported a 16-ch recording system for wireless monitoring of neural activity from awake behaving animals with the focus of long-term and high fidelity multichannel recording from untethered subjects. The system measured 24 cm and dissipated 15.84 mW. Chae et al. [19] reported on a 128-channel neural recording integrated circuit (IC) with an on-the-fly UWB transmitter capable of transmitting data at up to 90 Mbps. This system was validated on excised snail neural tissue and offered on-board spike sorting. Shahrokhi et al. [20] presented a 128-channel integrated neural interface. It had 8 16 low-power low-noise signal recording and generation circuits for both electrical neural activity monitoring and stimulation, respectively. The system consumed 9.3 mW and would use a wireless telemetry model for broadcasting the data to an external receiving unit. Szuts et al. [21] reported on a 64-channel system designed to record and transmit neural spikes and local field potentials. The system had a range of 60 m and consumed 645 mW. This device was used to record neural activity from a rat in an outdoor environment. Sodagar et al. [22] presented a 64-ch miniaturized system for wirelessly transmitting spike occurrences to an external receiver. The system had a dimension of only 1.4 cm 1.5 cm and drew 14.4 mW at 1.8 V. A 70 MHz to 200 MHz on-off-keying (OOK) wireless link was used for transmitting the 2 Mbps digital neural data.
The systems mentioned above have provided intuitive solutions and produced promising results in improving and perfecting wireless neural recording devices. However, each has made tradeoffs to meet their specific research needs. A recording device that can be fully implanted for chronic use with necessary features, such as simultaneous broadband multi-channel recording, low-power, low-noise, and high data rate wireless communication, is still yet to be developed. In order to fulfill these requirements, we present here a fully implantable, hermetically sealed, wireless neural recording device system that integrates 100 wideband (0.1 Hz-7.8 kHz) neural recording channels, a medical grade 200 mAh rechargeable Li-ion battery charged by an inductive link, and a 3.2 GHz to 3.8 GHz FSK wireless telemetry for data transfer.
We have developed two versions of the device. The first version uses 2 MHz power carrier and provides an optional 850 nm IR data telemetry [23] in addition to the primary RF data link. This device has been successfully implanted into two Yorkshire swine and two rhesus macaque monkeys for more than a year with chronic in vivo data showing the full functionality of the electronic performance of device as a high-fidelity wireless neural signal transmitter while implanted. Validation of the device revealed practically important issues that were improved in the second version. First, as the 2 MHz power carrier frequency was high enough to cause eddy current loss in the primary coil and in the hermetical titanium enclosure which resulted in unwelcome temperature increase during the battery charging cycles of the devices. External active cooling methods were used during charging to reduce the temperature increase to a safe level. This approach complicated the experimental setup and prolonged the battery charging process. Further, the high-pass frequency of the neural preamplifier was set by the input capacitor and a subthreshold biased pseudo MOS resistor, which could vary sizably between each fabrication run due to ASIC process variation affecting the MOSFET threshold voltage and the resistor values. In certain circumstances, the high-pass frequency could be very low, and the time for the preamplifier to recover from saturation at the start up would be extremely long. Hence, based on the aforementioned considerations, we have developed the second version of the device, which uses a much lower power carrier at 150 kHz, and is equipped with a remote IR on-off switch. In addition, its preamplifier high pass frequency can be post-fabrication set by an external resistor. With such novel features, the device configuration reported in this paper makes a significant advance for implanted chronic neurosensing device applications, in our view. This paper is organized as follows: Section II describes the overall system architecture and circuit details of the implantable device. Section III describes the implantable device ESD safety testing and patient safety evaluation. Section IV demonstrates the all-important 100 MHz custom wireless receiver design and its performance. Section V shows the bench top measurements and results of the entire system. Section VI demonstrates the in vivo testing results of the system for recording broadband neural data including neural spikes and local field potentials (LFP) using swine and rhesus macaque models. Conclusion and discussion are then presented. Fig. 1 shows the photographs of the completed wireless neural recording device. In this device, the 100-electrode intracortical neural sensing array (Blackrock Microsystems MEA [24]- [27] ) is located at the distal end of a 100 gold wires bundle. The proximal end of the wirebundle is connected to a hermetically sealed subcutaneous module that is implanted below the skin of the subject. Unlike most of the other implantable devices that use inductive powering [28] , [16] , such as the cochlear implants, the subcutaneous module of our implantable neurosensing device hosts all active electronics within a two-piece titanium enclosure that is hermetically sealed by laser welding. The "top" section has a brazed single-crystal sapphire window for electromagnetic transparency that facilitates: i) low loss wireless transmission of RF neural data and IR on-off switch control to the device; and ii) inductive coupling of wireless power into the device for recharging the embedded battery. The "bottom" section of the titanium enclosure contains an array of Pt/Ir (90/10) feedthrough pins embedded in metal-ceramic seals that are as compact as possible with current manufacturing techniques. The interfaces between the sapphire window as well as the metal-ceramic seals to the Ti enclosure are gold-brazed joints that are hermetic against body fluid. To facilitate electrical connections from the individual wires of the gold wirebundle to the feedthroughs, a flexible Kapton parallel-interface-plate (PIP) with 50 m line width and spacing is used to fan out the wires from the bundle onto the feedthroughs. The individual 25 m diameter gold wires are wire bonded to PIP sites that connect by printed wiring to holes aligned with the feedthrough pins. The actual connection to the pins is made with lead-free solder. The PIP is overmolded with biocompatible silicone (NuSil MED-4211 [29] ) for protection from ionically conductive body fluids. Fig. 2 shows the exploded view of the SolidWorks model for the implantable neurosensing device with the details of individual parts and assembly of the entire device. Fig. 3 shows the photograph and circuit block diagram of the active electronics including the rechargeable battery with the components distributed in three major blocks: the preamplifier board (PCB-A), the RF power/data board (PCB-B), and the Li-ion rechargeable battery. We will now describe each of these key components in detail.
II. SYSTEM AND CIRCUIT ARCHITECTURE OF THE IMPLANT

A. Overall System Block Diagram
B. Preamplifier Printed Circuit Board (PCB-A)
PCB-A integrates a custom application specific integrated circuit (ASIC) with 100 channels of preamplifiers and two analog multiplexers, two successive approximation ADCs, a controller ASIC, and a 48 MHz clock source. The incoming neural signal on each channel is conditioned and amplified by a low-noise low-power preamplifier implemented in the preamplifier ASIC. The design of a single low power preamplifier is shown in Fig. 4(a) . The preamplifier uses a capacitive-feedback, folded cascode operational transconductance amplifier (OTA) configuration with a source follower output buffer. The closed-loop gain of the OTA is set by the ratio of the feedback voltage divider capacitors and , which is 46 dB 10 pF/0.05 pF. Large capacitor pF is connected to the bodies of and to minimize the effect of their parasitic capacitors of on the gain of the preamplifier. The 5 pF capacitor across the OTA output provides the dominant pole for the opamp and sets the bandwidth of the circuit at 7.8 kHz. Any operational amplifier operating on a single power supply must have its output offset at the center of its output voltage range. The diode-connected MOSFETs, and , effectively bypass at very low frequency so a DC bias at the non-inverting input of the OTA can suitably offset the OTA output to 1.62 V, which is right at middle of its output range (1.0 V-2.3 V). The required bias is applied through the pMOS pseudo-resistor, . The 10 pF input capacitor along with forms an RC high-pass filter at , where is the equivalent resistance of the transistor . Many neural preamplifier designs [30] [31] [32] used diode-connected pMOS pseudo-resistor for this function. However, the problem with this diode connected scheme is that the high-pass frequency is very sensitive to process variation, especially to transistor threshold voltage variation. This is mainly due to the exponential relation between the gate-to-source voltage and the resistance of the device when it is biased in the subthreshold region. In the first version of the preamplifier ASIC [23] , although is independent of the threshold voltage, it is still exponentially dependent on the bias resistor . Since the variation of in the 0.5 m 3M2P standard CMOS process could reach up to 30%, and the nominal bias voltage employed is 0.4 V, the worst case high-pass frequency variation can be as high as times. To overcome this large variation, the bias resistor was intentionally removed from the ASIC and replaced with an external resistor. This external resistor can be appropriately chosen to compensate the high-pass variation from the fabrication process. In our implementation, the internal bias voltage is set to 0.53 V. A 2.2 k external resistor R sets to be around 16 G , which along with the 10 pF input capacitor set the high-pass frequency closed to 1 Hz.
also sets the OTA inputs bias to be 0.07 V and biases the input PMOS pair in subthreshold over a frequency range of 1 Hz to 10 kHz, and an noise efficiency factor (NEF) of 3.3. region to minimize thermal noise. Since the total input referred thermal noise of the preamplifier is given by (1) where k is Boltzmann constant, T is the absolute temperature in degree C. usually has a value of 0.7 [31] , , and are the transconductances of corresponding transistors shown in Fig. 4(b) . We had a better optimization on the noise-power trade-off for the preamplifier comparion to our previous work [9] . We used input PMOS pair with W/L of 960 m/1.5 m to achieve the maximum for a given bias current. Their sizes were large for 1/ noise reduction. We also reduced the of M5, M6, M7, and M8 by making their lengths large to minimize their thermal noise contribution. We measured the input referred noise of the preamplifier by grounding its input. As shown in Fig. 4(c) , in our latest preamplifier ASIC, the noise optimization has brought down the in-band input referred noise and noise efficiency factor (NEF) to 2.83 and 3.3, respectively. Since the noise of the system is dominated by the thermal noise introduced by the microelectrodes, which is about 9-10 , the system still achieves an dB for neural signals V . The measured common-mode rejection ratio (CMRR) and the power supply rejection ration (PSRR) are dB and dB, respectively. For details of the preamplifier design, please refer to [9] .
The circuit block diagram of the complete CMOS preamplifier ASIC is shown in Fig. 5 The entire 100 preamplifiers are divided into two groups of 50 preamplifiers each. A 48 MHz clock source was first divided by two to create the 24 MHz main clock for the system. The outputs from the preamplifiers in each group are multiplexed onto one of two analog outputs using the column and row select logic. This is run at a 1 MHz clock generated from the main 24 MHz clock and leads to a sampling rate of 20 kSps/Ch. The two multiplexed analog neural signals are buffered with unity gain buffers before they are fed into two commercial 12-bit SAR-ADCs (LTC2366 [33] ). The two ADCs are running at 24 MHz clock rate with each ADC sample 24 clocks long, therefore provide 1 MSps for 50 channels (20 kSps/ch) and consume 4.8 mW at 3 V each. For every ADC sample, it contains a 10-clock sampling cycle with ADC output floating high and a 14-clock conversion cycle with 2 leading zeroes and 12 bits effective data. Both cycles are controlled by a chip select signal, which initiates the conversion cycle by active "LOW". In order to combine the 12-bit effective data from each ADC into a single serial bit data stream, the multiplexing clocks for the two groups of preamplifiers as well as the ADCs' chip select signals are shifted by half an ADC sample from each other, the 10-clock sample cycle and the 2 leading zeroes of the conversion cycle from one ADC are masked by the 12 effective bits from the other ADC. Therefore the 24 Mbps digital stream contains back-to-back 12-bit sample data alternatively from both ADCs. A controller ASIC produces the aforementioned signals and manages the data flow between the preamplifier ASIC and the ADCs. ADC data is also packaged with a 24-bit synchronization pattern into a 24 Mbps digital data stream. This non-encoded data will make the data and clock recovery on the receiver side become difficult due to the fact that there is no clock component in its spectrum. 
C. Power/Data Printed Circuit Board (PCB-B)
PCB-B (Fig. 3) shares the 3 V VDD and GND with PCB-A. It also takes the TTL format 48 Mbps Manchester encoded serial bit data stream: that modulates a freely running commercial VCO (SMV3460A-LF, Z-Communications Inc., [36] ), which outputs 5 dBm 3.2 GHz to 3.8 GHz FSK power into a 1.5 dBi UWB chip antenna for wireless data broadcasting. This frequency is chosen for minimal interference between commercial wireless devices and our implantable device. An IR on-off switch is implemented as a new feature in the second version of the device using a silicon NPN phototransistor [37] , which can detect IR light from 700 nm to 1100 nm with a peak spectral sensitivity at 880 nm. The phototransistor is powered directly from the battery. Upon receiving an IR pulse signal, the phototransistor induces a current pulse that passes through a 500 k resistor to create a voltage pulse that drives a Schmitt trigger. The output of the Schmitt trigger toggles the enable pin of a global low-dropout linear regulator (LTC1844, Linear Technology [38] ) that produces 3 V supply for the rest of the system from the battery voltage.
A wireless charger (BQ24108, Texas Instruments, [39]) is also implemented on PCB-B with COTS components to charge a medical grade 200 mAh Li-ion rechargeable battery (QL0200I-A, Quallion, [40]), which is able to operate the system for 6.6 hrs after it is fully charged. In order to reduce heat generation caused by the electromagnetic wave propagation loss in the implant (mostly in the Ti-enclosure) as well as in the primary coil, we reduced the power carrier frequency to 150 kHz from the original value of 2 MHz [23] . This is based on Maxwell's Electromagnetic Equations, where the power loss due to eddy currents in a conducting medium is given by where is the magnetic field, d is the thickness of the material, is the carrier frequency, is a constant, and and are the resistivity and density of the material respectively [41] . Therefore the loss is proportional to . A 39 nF high-Q SMD 0603 ceramic capacitor along with a secondary coil forms an LC-tank for the wireless charger to harvest the 150 kHz RF energy from a 120 H external primary coil driven by a Class-AB power amplifier. The secondary coil is a 27-turn 27 mm O.D. coil made from 46-AWG 40-strand Litz wire for minimum loss. It has a measured inductance value of 30 H, serial resistance of 0.9 , and a Q of 31.4 at 150 kHz. The received AC power is rectified by a full wave rectifier producing a 5 V DC supply for a switching mode Li-ion battery charger chosen for its % efficiency over a wide range of supply voltage (4.35 V-16 V) and charging current (0.1 A-2 A). The charging current is programmed to be 0.1 A (0.5C of the battery) taking 2 hrs to fully charge the battery after it is depleted. The wireless charger was designed with three safety features: a self-timer that terminates the charging within 2.5 hrs, a battery monitor that indicates the status of the battery, and a protection circuit module (PCM) that protects the battery from over-charging/discharging. Fig. 7 shows the 
III. ESD SAFETY AND PATIENT SAFETY
The primary concern of any wireless implantable neurosensing devices is the safety of the subject. To evaluate the safety of our implantable neurosensing device, ESD test and patient safety test were conducted.
A. ESD Safety Test
The ESD human-body model (HBM) used for testing our device followed the internationally widely use JEDEC standard: JESD22-A114D [43] . The ESD protection circuit for each preamplifier is shown in Fig. 8 . The circuit uses two relatively large NMOS transistors each consisting of six parallel devices having width to length ratios of 30 0.9 m as the voltage limiting and energy absorbing elements. The gate and drain of each transistor are connected together to the signal line while the source and substrate connections are tied to ground. Ground connections to the substrate are made through large diffusions adjacent to both source and drain and were designed to minimize the series resistance of the drain to substrate PN junction. Fig. 9(a) shows the I-V characteristics of these transistors as manufactured. The two transistors form a pi-network between the input pad and the input to the preamplifier. A 1 k resistor, the third element of the pi-network, connects the two transistors. Fig. 8 . ESD protection circuits for the preamplifier input on the 100-channel preamplifier ASIC using the two stage diode connected NMOS structure. For a positive overvoltage input, the transistors act as diode-connected MOSFETs, turning on at the threshold voltage of 0.7 V. For a negative input, the drain to substrate junction is forward biased and the local substrate connections assure a low forward voltage even at high current. In both cases, the 1 k resistor and the second NMOS device act as additional attenuation before the input surge voltage reaches the preamplifier input. This design guarantees that even if the surge voltage seen by the first stage NMOS exceeds the break down voltage of the input capacitor and input PMOS gate oxide, the voltage applied to those elements will not. (For the 0.6 m process, the gate oxide breakdown voltage is around V.) Comparing to other conventional complimentary silicon-controlled rectifier (SCR) structure and ggPMOS/ggNMOS pair structure [44] , one advantage of this protection circuit is that it does not provide any path from the I/O pad to the supply voltage even after failure of either junctions or gate oxide. This is extremely important for patient safety, since it guarantees that there will be no direct circuit connection from a power source to the tissue through the input even when the input ESD protection is damaged.
The only electrical connections of the device that can be accessed externally are the 100 inputs of the preamplifier, hence the ESD safety test was carried out on those pins. Because the inputs of all preamplifiers are identical, we evaluated the ESD protection circuits in 8 channels out of 100 channels in the preamplifier ASIC. The ESD safety testing was done according to the Class 1A (250-500 V), Class 1B (500-1000 V), and Class 1C (1000-2000 V) JESD22-A114D ESD sensitivity classifications [43] . Fig. 9 shows the characteristics of the NMOS ESD protection circuits in 8 channels before and after the ESD test. These results show that the I-V curve of the NMOS devices remain unchanged after the 500 V Class 1A and 1000 V Class 1B ESD tests. After the 2000 V Class 1C ESD test, 4 out of 8 channels showed failures of their ESD protection circuits, degrading the input impedance on those channels to about 500 to a few k according to the slopes of the curves in Fig. 9(d) at low bias voltages. (The initial input impedance is higher than our instrument measurement range.) However, we believe that the input capacitor and the input PMOS gate oxide were unaffected by the 2000 V discharge pulse, since the amplifier gain and DC offset were the same after the test as before. The amplifier also remains insensitive to small ( mV) levels of DC input at the electrode pin.
B. Patient Safety Evaluation
The electrode-electrolyte interface between the MEA and the surrounding cerebrospinal fluid (CSF) will form a double layer capacitor with a dielectric layer one water molecule thick. Charging and discharging this double layer capacitor is an ideal mechanism of charge injection when there are no chemical changes in the tissue. However, the amount of charge that can be injected by the metal electrode to the double layer capacitor is only about 20 C/cm . Charge density in excess of this value will lead to the equivalent of the dielectric breakdown and onset of irreversible Faradaic reaction that is considered to be harmful to the patient [45] . To evaluate the patient safety of our device, the worst-case charge density was calculated when the voltage across the input capacitor is equal to the supply voltage of the system (3 V). In this case, the maximum charge that can deliver from the input to the tissue through the MEA electrode is 3 V 10 pF C. Since the minimum metal tip area of the MEA is in the order of cm , the maximum possible charge density deliver to the tissue through the device input is 3 C/cm . This value is about 7 times smaller than the safety limit and well within the safety levels. Even when the device ESD fails, as discussed earlier, the use of the two-stage diode connected NMOS ESD protection structure ensures that the input shorts to ground and there is no DC path from the supply source to the tissue. These tests give us further confidence that the device will be clinically safe for long-term patient use.
IV. CUSTOM WIRELESS RECEIVER
An external superheterodyne receiver (shown in Fig. 10 with detailed part numbers) was developed to wirelessly receive the RF data. It uses a 10 dBi planar dual polarized antenna to reduce the motion sensitivity of the transmitter antenna. During the design phase, we measured the signal strength received by the 10 dBi antenna from the implanted device. It had a nominal value of dBm at a few meters distance from the receiver. To accommodate and match the dynamic range of each block in the receiver according to this input signal level, the incoming 3.2 GHz to 3.8 GHz FSK signal is first amplified by two 24 dB LNAs with NF of 0.9 dB [46] . After that, it is down converted to 150 MHz to 750 MHz IF band by a wideband mixer [47] using an LO frequency at 3.05 GHz. The FSK-IF signal is then turned into an OOK-IF signal after the 750 MHz tone is filtered out by a 7th order 100 MHz Chebyshev band-pass filter centered at 150 MHz. After amplitude stabilization by an automatic-gain-control block [48] , the OOK-IF is fed into an envelope detector that has two envelope filters with 70 MHz cutoff frequencies set by external capacitors [49] . Eventually, the baseband signal is restored, from which, the digital data and clock are extracted using a data/clock recovery block [50] . The recovered data is then forwarded to an FPGA and repackaged into 16-bit samples. Finally these samples of data get buffered though an 8 MB SDRAM and sent to a PC via USB 2.0 for further processing and visualization.
The sensitivity performance of the RF receiver was evaluated using the test setup shown in Fig. 11 . At first, a pseudorandom test pattern generator (TPG) using an external eighteen-bit linear feedback shift register (LFSR) was implemented in an FPGA. The external LFSR has a primitive polynomial , which produces repeatable random sequences with the length of , which is long enough to be considered as a random signal. The pseudorandom pattern output from the FPGA was used to drive the same transmitter that was implemented in the device. The receiver picks up and recovers the FSK modulated pseudorandom digital signal as well as the clock with different received signal strengths. In the meantime, the original data was properly delayed, in such a way that it precisely aligned with the recovered data from the receiver. Finally, the error/difference between these two was calculated using an exclusive or function. The input signal strength was measured at the receiver input using the Agilent PXA N9030A signal analyzer centered at 3.2 GHz and integrated over 100 MHz frequency range that equals to the receiver bandwidth. Since the PXA N9030A has a measured noise floor of dBm/Hz even with the noise reduction option turned on, dBm is the integrated noise power over 100 MHz bandwidth and indicates the minimum signal strength that can be measured using the setup shown in Fig. 11 . The bit-error-rate (BER) of the receiver with different received signal strength is plotted in Fig. 12 . It shows that at dBm input single strength the receiver BER is around . The theoretical FSK BER curve of a non-coherent receiver is also shown in the figure as a comparison. The eye diagrams of the baseband data were also measured at different signal strengths using the Tektronix MSO5204 mixed signal oscilloscope and its advanced jitter, timing, and eye diagram analysis software DPOJET. As shown in Fig. 13 , the received baseband signal eye diagrams with input signal strengths of (a) dBm, (b) dBm, (c) dBm, and (d) dBm at 33 Mbps were measured. The eye heights and widths are, respectively, 622 mV/28.7 ns for dBm input, and 152.4 mV/14 ns for dBm.
V. BENCH TOP MEASUREMENTS OF THE FULL WIRELESS SYSTEM
The full functionality and performance of the entire system (the neurosensing implant and the receiver) were tested on bench. As shown in Fig. 14, 1 mV artificial neural spike signals at 100 Hz were applied to all inputs of the 100-channel neurosensing device. The broadcasted RF data was received at a 1 m distance away and the recovered artificial spikes were stored and visualized in real-time by a home-made graphic user interface (GUI) collecting data over a high speed USB link. Meantime, a Gigabit Ethernet user interface is also developed to provide higher volume data rate and versatile data storage and visualization capabilities.
The IR on-off switch was shown to function well in both bench top and in vivo testing. The irradiance of the IR on-off signal from a 980 nm 50 mW IR laser pointer directly pointed at the sapphire window through a 2 cm pig skin was measured to be W/cm at the top surface of the device after the reflection, scattering, and absorption loss through the skin. It was found that there is a 14% further reduction of the signal due to the sapphire window. The final irradiance induced a current around 6 A in the phototransistor that is high enough to turn on the device after the implantation. As discussed in our early publication [23] , the temperature increase due to charging (eddy currents in Ti-enclosure) is obviously a major concern for the first version of the device that uses 2 MHz power carrier. The FDA mandates that a device has to meet the ISO 14708-1:2000 E standard requiring no outer surface of a device rise more than 2 C above body temperature (37 C). We have lowered the power carrier down to kHz in the second version and observed a dramatic reduction of heat induced temperature rise to only a few degree C in room air, which is expected to be much lower in a real animal due to the larger thermal conductivity and perfusion rate of the blood vessels and tissue [51] .
A summary of the measured specifications of the second version of the device is shown in Table I . In addition, a system comparison of the presented device with other state-of-the-art designs is listed in Table II. VI. In Vivo TESTING Following the bench top measurements, the full functionality of the entire wireless neural recording system was validated in vivo in two adult awake Yorkshire swine [52] and two rhesus macaque monkeys over a period of more than a year. Fig. 15(a) shows a cartoon of the device implantation and array placement. In order to properly implant the device into those animals, specific surgical procedures were developed. The procedure usually started with a skin incision to expose the cranium after the preparation of the animal. A craniotomy was then made gain access to the intracranial space. The dura mater was then incised and reflected to expose the cortex. The Ethylene-Oxide sterilized device was then place in the surgical area and the titanium enclosure part was secured on to the skull using titanium bone screws. The microelectrode array (MEA) was carefully guided by the wirebundle and place a few millimeters above the target cortical location. In this case, we used the well-defined primary somatosensory cortex (SI) and the primary motor cortex (MI) for the swine model and the rhesus macaque monkey model respectively for their value towards neuroprosthetic research interests. The final insertion of the 1.5 mm MEA needle was then made by a pneumatic drive (Blackrock Microsystems) at 172 kPa. Following the insertion, the dura was sutured back and the bone-flap from the craniotomy was restore and secured onto the cranium to protect the cortex and MEA. Finally, the skin was sutured back in the swine model cases. For the rhesus macaque monkey model cases, since their skulls were significantly smaller than human skull and insetting the device was not possible, the closure of the skin would have been difficult. We decided not to close the skin to prevent subsequent problems that might compromise the superficial vasculature and skin integrity in these first two non-human primate implant experiments. However, recently, we were able to successfully fully implant our device into a monkey with slightly larger skull size. The detailed results will be reported elsewhere.
During recording sessions, the systems were successfully recharged and powered up with channels showed consistent input referred noise level of . This noise is mostly due to the physiological background noise and the electrode thermal noise. The neural spikes extracted from 10 seconds sample of recorded data from a Yorkshire pig (SU) are shown in Fig. 16(a) using a 6th order Butterworth filter with bandwidth from 300-5000 Hz. 48 channels out of 100 show clear neural spikes with an amplitude range from 60 to 160 V . LFPs were also extracted from the data (the bottom traces of the Fig. 16 ) using filter with bandwidth from 0.1-300 Hz as this spectrum range is being increasingly used in neuroscientific research. Fig. 16(b) shows the counterpart data measured in a rhesus macaque monkey (JV) with 93 out 100 channels showing neural spikes with an amplitude range from 60 to 350 V . The insets at the top left corner of each 10 10 grid in Fig. 16 show examples of the channels that have multiple units. The insets to the left of each LFP trace show the zoom-in view of the spikes.
In addition, we have used the spike data to interpret and differentiate the particular movements associated with the animals' natural behavior by projecting the multidimensional spike train data onto a two-dimensional representation of neural trajectories [ Fig. 17(a) ]. Here, spiking data from each channel was run through a spike extraction operator of choice (we use the multiresolution Teager energy operator, MTEO [53] ) to calculate a running firing rate. The extracted neural action potentials were then binned every 100 ms and smoothed with a Gaussian kernel yielding the smoothed firing rate on each channel. Principal component analysis (PCA) was used to align the smoothed firing rate of each input channel by contribution to the variance in the signal. When observed dynamically over time, the first two principal components are often termed "neural trajectory". These were used to describe the dynamic state changes of the cortical network. This method of analysis is well documented elsewhere [54] [55] [56] and provides a low-dimensional representation of the dynamical state of the brain. We present neural trajectories produced during free movement of monkey JV: scratching eye (blue), touching an apple (green) and turning head (purple) in Fig. 17 . Circles represent the centroids of trajectory during each movement. The ability to record natural movements from a distance without disturbing the subject brings with it the potential for new insights into the subtleties of motor dynamics and into the cortical pathways controlling movement. Additional details of the animal experiments with this wireless implant are given elsewhere [57] .
VII. CONCLUSION AND DISCUSSION
We have presented the implementation of a 100 channel fully head implantable wireless broadband neural recording system with inductively rechargeable battery and RF data transfer. The prototype device system is viewed by us as a platform for translation to human neuroprothesis and potential brain disease diagnosis applications, while of potential importance also for behavioral neuroscience research in freely moving animals. The details of the system architecture and circuitry were presented with specific innovations and features not previously available in an active neural implant. The full functionality of the device has been demonstrated through bench-top measurements as well as in vivo wireless recording in two freely moving Yorkshire pigs and two freely moving rhesus macaque monkeys. Robust neural spikes and LFP signals from cortical microcircuits were acquired wirelessly. In addition to beginning the path to human translation, we are actively working on implementing this device in non-human primate models for freely moving behavioral research applications such as motor planning for arm and hand movements. Initial trials in such primate have been productive and preliminary behaviorally related neural data with decoded neural trajectories from a freely moving monkey are illustrated in this paper.
In addition to results in freely moving animal model, we note that there is further opportunity for improvement. First, although the eddy current and skin effect induced heat in the Ti-enclosure was much reduced by lowering the power carrier, we are also performing FEM modeling and in vivo measurements to characterize heat generation on the current version of the device for further optimization. Meanwhile, using different grades of titanium alloy with larger electrical resistivity for the enclosure might lower the eddy current loss in the Ti-enclosure (loss is reverse proportional to the electrical resistivity of the material). For example, Our present devices use Grade 2 titanium alloy with an electrical resistivity of cm [58] , while e.g., Grade 5 titanium alloy has a value of cm [59] , though must be able to accommodate the fabrication requirements of the hermetically sealed, high density feedthrough configuration. Second, nearly half the power consumption of the present device is used by the COTS RF transmitter. We are presently developing a custom RF transmitter ASIC, targeted to consume approximately power dissipation of the COTS transmitter while still transmitting comparable RF power of approximately 5 dBm. In addition, the simple Manchester encoding scheme used for the data doubles the data rate and is not as bandwidth efficient as other methods. We are working on investigating advanced encoding methods, such as 8 b/10 b line code [60] , [61] (widely used in serial ATA, Gigabit Ethernet, and USB3.0), to improve bandwidth efficiency, achieve DC-balance and bounded disparity, while still maintain sufficient state changes for clock recovery. The last and most important improvement needed is in regard to the natural behavior of the freely moving animal. Currently, our wireless data link can experience fading issues caused by either multipath or shadowing effects. In order to improve the reliability of the link, we are currently also investigating the multiple-input and multiple-output (MIMO) concept [62] [63] [64] (which is implemented in modern wireless communication standards such as IEEE 802.11n, 4G, LTE, and WiMAX) for our next generations of implantable, wireless, broadband neurosensing devices.
